Frequency -domain photon migration ( FDPM ) is a noninvasive optical technique that utilizes intensity -modulated, near -infrared ( NIR ) light to quantitatively measure optical properties in thick tissues. Optical properties ( absorption, m a , and scattering, m s H , parameters ) derived from FDPM measurements can be used to construct low -resolution ( 0.5 to 1 cm ) functional images of tissue hemoglobin ( total, oxy -, and deoxyforms ) , oxygen saturation, blood volume fraction, water content, fat content and cellular structure. Unlike conventional NIR transillumination, FDPM enables quantitative analysis of tissue absorption and scattering parameters in a single non -invasive measurement. The unique functional information provided by FDPM makes it well -suited to characterizing tumors in thick tissues. In order to test the sensitivity of FDPM for cancer diagnosis, we have initiated clinical studies to quantitatively determine normal and malignant breast tissue optical and physiological properties in human subjects. Measurements are performed using a non -invasive, multi -wavelength, diode -laser FDPM device optimized for clinical studies. Results show that ductal carcinomas ( invasive and in situ ) and benign fibroadenomas exhibit 1.25 to 3 -fold higher absorption than normal breast tissue. Within this group, absorption is greatest for measurements obtained from sites of invasive cancer. Optical scattering is approximately 20% greater in pre -menopausal versus post -menopausal subjects due to differences in gland / cell proliferation and collagen / fat content. Spatial variations in tissue scattering reveal the loss of differentiation associated with breast disease progression. Overall, the metabolic demands of hormonal stimulation and tumor growth are detectable using photon migration techniques. Measurements provide quantitative optical property values that reflect changes in tissue perfusion, oxygen consumption, and cell / matrix development. Neoplasia (2000) 2, 26 ± 40.
Introduction
Pathologists routinely examine thin sections of surgically removed tissue in order to diagnose cancer. If similar information could be provided by techniques that allow us to see internal structure, physicians would be able to find and characterize tumors non -invasively. Historically, this reasoning lead to the development of``diaphanography'', a near -infrared ( NIR ) light imaging method introduced nearly 70 years ago to locate and identify breast cancer [ 1 ] . NIR imaging is a simple, low -cost, risk -free procedure that, unlike X -ray mammography, does not employ ionizing radiation. Unfortunately, the initial promise of NIR diaphanography was never realized, primarily due to intense light scattering.
Distinguishing between absorption and scattering is generally recognized as one of the principal limitations to detecting cancer with light. This problem has challenged scientists who study how light interacts with turbid materials for many years. Recent developments in theory and instrumentation, collectively referred to as``photon migration'' ( PM ) , now enable us to probe and analyze multiplyscattered light signals on an ultra -fast time scale ( e.g., picoseconds ) . These technological advances provide a simple framework for measuring the exact magnitude of absorption and scattering ( i.e., optical properties ) in turbid materials. Optical properties can, in turn, be used to locate and identify physiological changes characteristic of tumors, hormonal stimulation, pharmacologic agents, and agerelated tissue remodeling.
Research by our group and many others in the Biomedical Optics community has helped rejuvenate interest in optical methods for detecting and characterizing solid tumors [ 2 ] . The use of ultra -fast light provides new information with the same advantages as conventional NIR diaphanography ( e.g., low cost, zero risk, compact devices ) . However, in order to demonstrate whether normal and malignant structures can actually be resolved using light, reliable measurements of both normal and tumor tissue optical properties must be performed in human subjects.
Few studies have been completed that accurately measure human tissue optical properties in vivo. This can be a particularly difficult hurdle to overcome because photon migration, as a fundamentally new method, is not widely accessible. PM technology development requires interdisciplinary expertise in diverse fields while measurements require strong clinical collaborations. Clinical studies are now underway here ( about 70 human subjects have been enrolled in breast, brain, and cervical protocols to date ) and in other laboratories that will provide critical information for determining whether non -invasive photon migration measurements are useful for characterizing, imaging, and detecting solid tumors. Early results show that unique tumor optical signatures are, in fact, measurable. Organs of greatest initial promise appear to be breast and brain. Changes in blood flow, oxygen consumption, and tissue architecture ( cellular and matrix ) can be measured in these structures quantitatively using NIR photon migration. Most importantly, these signals appear to reflect fundamental physiological processes associated with malignancy, disease progression, and response to therapy.
In this work, we review basic principles of photon migration [ 3 ] in thick tissues and highlight how light ± tissue interaction mechanisms provide unique opportunities for solid tumor diagnostics. Details of instrumentation and theory development in photon migration spectroscopy are presented along with results of clinical studies in human breast tumor patients. Because many attributes related to the origin, progression, and therapeutic response of breast cancers are common to other types of tumors, these data should provide insight into how continued optical technology development will impact cancer diagnosis and screening.
Light Propagation in Thick Tissues

Spectral Dependence
Light propagation in biological tissues is a complex function of scattering and absorption, which, in turn, are dependent on cellular structure and molecular composition. Figure 1 illustrates that within the visible ( 300 to 700 nm ) water window, hemoglobin and melanin are the dominant endogenous absorbers [ 4 ] .
Although melanin absorption coefficients are, on average, greater than those of hemoglobin, the overall influence of melanin on light propagation in thick tissues is generally less substantial. This is due to the fact that melanin is typically confined to a thin, superficial skin layer. In contrast, hemoglobin is widely distributed throughout most tissues at a volume fraction that ranges from 1% to 5%. Exceptions to this include avascular structures and tissues with abnormally high melanin content, such as melanotic melanomas.
Scattering originates from inhomogeneities in tissue structure, which, in turn, are determined by refractive index discontinuities occurring both between and within cells. In the spectral region of 600 to 700 nm, hemoglobin absorptivity is attenuated by approximately 20 dB ( nearly 100 -fold ) and scattering eclipses absorption. This condition persists until water absorption resumes as the primary attenuation mechanism at approximately 1.3 m. Thus, the spectral region between 600 and 1300 nm is considered to be the tissue optical``window'' since both absorption and scattering losses are minimal throughout this interval. This concept is illustrated in the series of three photographs shown at the bottom of Figure 1 . Here, a rabbit ear implanted with a tumor model is transilluminated using blue ( 490 nm ) , green ( 530 nm ) and red ( 630 nm ) light. In the blue and green photographs, excellent contrast is observed between light -absorbing blood vessels and the surrounding ear cartilage. This is due to strong hemoglobin absorption in these spectral regions and relatively high attenuation of light from scattering. Because the tumor has substantial blood vessel / hemoglobin content, it appears as a large lightabsorbing shadow. In the red light case, however, the image appears quite diffuse and the small vessel structures have disappeared. This is a consequence of the substantially reduced hemoglobin absorption at 630 nm, making these vessels appear to be``transparent''. In addition, red light is scattered less than blue / green. As a result, many of the scattered photons contribute to the image as``multiply scattered light,'' further degrading spatial resolution and contrast while improving transparency. The net result is a``cloudy'' tumor that appears to be different than its actual physical dimension.
The wavelength -dependent intensity of light penetrance into biological tissues can be used to characterize structures of different composition. Table 1 provides several practical examples of wavelength -dependent``optical penetration depths'', , a value that corresponds to the distance at which the optical fluence rate ( i.e., mW / cm 2 ) is reduced to 1 / e = 0.37 of the initial value [ 5 ] . These data highlight the dynamic interplay between absorption and scattering. For example, since human retinoblastomas contain no melanin, low levels of hemoglobin, and are only minimally scattering, penetration depths are relatively large; ranging from 2.9 mm at 600 nm to 5.1 mm at 1.06 m. Light penetrance is commensurately reduced in brain and hand tissue due to their high -scattering / low -absorption and moderate -scattering / moderate -absorption properties, respectively. In contrast, the high melanin content of melanotic melanomas strongly attenuates light throughout the visible region and maximum light penetrance is only 1.4 mm at 1.064 m.
These examples indicate that, in general, for nonmelanotic tissues follows hemoglobin absorption. Thus, from 480 to 590 nm, ranges from 0.5 to 1.5 mm. A substantial penetration depth increase from about 1 to 3 mm occurs between 600 and 650 nm, and a more gradual increase is observed from 650 to 750 nm ( = 2 to 4 mm ) . Between 750 and 900 nm, values tend to plateau, and maximum light penetrance of 3 to 6 mm generally occurs in the 1000 to 1100 nm region.
Multiple Scattering
On a cellular level, there are clear, visible differences between normal and malignant tissues. These changes may include, among others, multinucleation, structural distortion, hyperpigmentation, and membrane and mitochondrial variations. On a bulk tissue level, there are distinct variations in tumor vasculature, extracellular matrix and biochemical milieu. Pathologists utilize visible, microscopic anomalies in cell / tissue architecture to formulate diagnoses. Thus, variations in bulk tissue optical penetration depths are expected, given the large body of supporting histologic evidence [ 6 ] . These fundamental optical property differences can, in principle, provide novel diagnostic criteria for thick -tissue photon migration methods.
However, our ability to employ thick -tissue optical methods for cancer detection is limited by a form of lightscattering behavior known as``multiple scattering''. Light launched into tissue is efficiently scattered out of an incident collimated beam into an almost isotropic distribution within a few millimeters from the source. This``multiple scattering'' behavior degrades the information content of light that propagates through thick tissues. In practical terms, optical imaging methods that cannot distinguish between scattering and absorption are incapable of providing a complete diagnostic picture. This concept is illustrated schematically in Figure 2 .
In homogeneous, non -scattering media, light propagation is simply a function of the absorption coefficient, a , and distance, z :
where a =1/l ab and l ab is the absorption length, or average distance between absorption events. The absorption coefficient can be expressed in terms of molecular concentration via the Lambert -Beer law ( i.e., A = log I / I 0 = "bC, where A, ", b, are C are absorbance units, molar extinction coefficient, pathlength, and molar concentration, respectively ) :
Thus, measurements of light penetrance in tissues can, in principle, provide quantitative information regarding the concentration of physiologically relevant absorbers. However, in non -transparent, turbid media, both scattering and absorption contribute to the distance -dependent light attenuation. The total attenuation coefficient, t , is the sum of absorption and scattering parameters ( t = a + s ). Here, s is the scattering parameter, or the reciprocal of the scattering length ( l sc ) . In the special case of``multiple scattering'', the incident light intensity diminishes according to:
where the effective attenuation coefficient, eff =1/ = [3 a ( a + s H ) ] 1 / 2 is the reciprocal of the mean penetration depth ( ) . In order to account for multiple scattering, the reduced scattering parameter, s H = s (1À g ) is defined in terms of s and the angular dependence of scattering, g, where g = hcos thetai, ( i.e., the average cosine of the scattering angle ) . In most tissues, scattering is highly forward -directed and g values range from 0.7 to 0.9 [ 6 ] . In practical terms, large g values delay the distance photons must travel before optical energy is isotropically distributed. Generally, this``transport mean free path'' ( tmfp ) is on the order of 1 mm in most tissues and can be defined as the reciprocal of the transport scattering coefficient, tr = a + s H .
The Diffusion Approximation
In order to probe large volumes of tissues with acceptable signal -to -noise levels, measurements are generally conducted in spectral regions of greatest transparency, i.e., the tissue optical window ( 600 to 1300 nml see Figure 1 ) . Under these conditions, scattering dominates absorption and light propagation can be described by a diffusion approximation [ 12, 21 ] . Since scatterers and absorbers are distributed in Figure 2 . Red / NIR light launched into tissue propagates with directional changes ( scattering ) until captured by an absorber ( molecule ) . Multiple scattering increases the mean photon path length. A short, e.g., picosecond, light pulse launched into tissue spreads out in proportion to the number of available photon paths. Absorption is a loss mechanism that reduces the number of available photon paths and hence limits the temporal dispersion of the pulse. Under low absorption conditions, a light pulse will experience maximal dispersion. The photon density, or fluence rate ( ' ) decays exponentially with distance from the source. The 1 / e exponential decay constant, or optical penetration depth ( ) is a function of the absorption, a , and scattering, s H , properties of the medium.
Neoplasia . Vol. 2, Nos. 1 ± 2, January-April 2000 tissues on dramatically different spatial scales ( i.e., s H z.Gt a ) , the transport scattering length can be approximated by 1 / tr %1/ s H . Under these conditions, an additional descriptive domain, i.e., time or frequency, is required to resolve light scattering from absorption.
As shown in Figure 2 , launching light into tissue results in multiple scattering events that can dramatically increase the mean path length beyond the linear distance from source to detector. If the light source continuously illuminates the sample ( i.e., it is time -independent ) , the fluence rate ( in mW / cm 2 ) or number density of photons measured in the sample from all directions decays exponentially with distance from the source. The decay rate is a function of the penetration depth, , which in turn can be given by the absorption and scattering properties. When a time -dependent light source is used such as a picosecond ( psec ) laser pulse or a sinusoidally intensity -modulated laser, the large number of photon paths available due to multiple light scattering processes causes broadening of the source temporal profile. Thus, measurements of the time -dependent propagation characteristics of short light pulses or intensity -modulated waves in tissues can be used to separate the contributions of absorption from scattering. When combined with an appropriate mathematical framework, this allows precise calculation of tissue optical properties, namely tissue absorption, a , and reduced scattering, s H , properties.
Temporal Resolution
Over the past few years, remarkable gains in our understanding of tissue optical properties have been realized by interrogating tissues with the unique temporal ( i.e., short pulse ) properties of lasers [ 7 ± 11 ] . Pulse propagation methods provide information about the distribution of scatterers and absorbers in a single measurement [ 12, 13 ] . These optical properties may be used in a variety of therapeutic and diagnostic techniques, including: imaging tissue structure [ 14 ± 16 ] and cortical activity [ 17, 18 ] ; monitoring physiology [ 19 ± 23 ] and drug concentration [ 24 ] ; dysplastic transformation [ 25 ] , and predicting optical dosimetry for laser -based procedures [ 26 ] . The conceptual basis for the time -domain approach generally involves solutions to the radiative transfer equation [ 27, 28 ] using Monte Carlo simulation [ 29 ± 31 ] and diffusion theory approximations [ 7, 32 ] . Diffusionbased methods provide relatively straightforward analytical expressions that describe the shape of a diffusely reflected or transmitted pulse in terms of the optical properties of the medium [ 10 ] . Thus, the observed temporal broadening of ultra short pulses can be mathematically related to the large number of optical paths available in multiplescattering media. Since the introduction of losses ( absorbers ) reduces the average path length, absorber -dependent changes in pulse propagation time can be used to calculate absorption coefficients [ 10 ] . This concept is illustrated in Figure 3 . Here, a picosecond light pulse is launched into a tissue -like medium with optical coefficients similar to human breast tissue ( a = 0.1 cm
. The transport characteristics of the source are simulated numerically using a Monte Carlo technique [ 33 ] . The figure shows how the detected pulse spreads out in time and space, due to the large number of photon paths available. By time -gating the detector, one can adjust thè`v iewing volume'' in the tissue. For example, at early times after the pulse is launched, shorter photon paths are detected. This is demonstrated by the 200 psec time point that samples tissue volumes above the 1 cm depth line. When the 200 psec observation``gate'' is shifted to t = 600 psec, the mean interrogation depth and volume are substantially greater. This is due to the fact that at longer times, photons have traveled tens of centimeters, substantially further than the 2.5 cm linear distance between source and detector. By moving the observation window through the time course of the detected signal, the spatial distribution of absorbers and scatterers in the tissue can be reconstructed, and sensitivity to deep tissue structures, such as tumors, can be optimized.
Frequency -domain optical methods can be adapted to diffusion theory models in a similar manner. Fishkin and Gratton [ 34 ] first suggested that amplitude -modulated light propagates through homogeneous multiple -scattering media as diffuse waves with a coherent front. These photon density waves can be characterized by a phase velocity ( V p ) and modulation wavelength ( m ) that are primarily functions of media optical properties. Measurements are performed by launching intensity -modulated light into tissue and recording the phase delay ( phi ) and demodulation amplitude ( m ) ( with respect to the source ) at a fixed distance from the launch site. Optical properties ( the absorption coefficient, a , and the reduced scattering coefficient, s H ) are calculated from the measured frequency -and distance -dependent behavior by fitting the experimental results to an appropriate theoretical framework. Thus, FDPM can rapidly and quantitatively assess tissue optical properties in a single non -invasive measurement. It is important to point out that time and frequency domain methods are equivalent and related to each other through the Fourier transform. We employ the frequency -domain approach due to instrumentation advantages that include reduced cost, complexity, and simplicity of mathematical techniques used in frequency -domain signal analysis [ 35 ] .
Instrumentation
In frequency -domain photon migration ( FDPM ) , the intensity of light incident on an optically turbid sample is modulated at high frequencies ( e.g., hundreds of megahertz ) , and the diffusely reflected, transmitted, or re -emitted ( e.g., fluorescent ) signal is measured with a phasesensitive detector. Intensity -modulated light propagates through multiple -scattering media with a coherent front, forming photon density waves ( PDWs ) . PDW dispersion is highly dependent on the optical properties of the medium. Exact absorption ( a ) and reduced scattering ( s H ) parameters are calculated by comparing the measured frequency -or distance -dependent PDW phase and amplitude behavior to analytically derived non -linear model functions.
Model functions are, in turn, derived from solutions to the photon diffusion equation which yield expressions for phase ( phi ) and amplitude ( A ) as a function of modulation frequency ( ! ) and tissue optical properties under various boundary conditions [ 36 ] . The values phi, A, and ! are defined in the usual manner where phi = the measured phase lag between the source ( reference ) and sample response; A = AC sample / AC source ; and ! =2f is the angular modulation frequency.
A schematic of our 1 -GHz, portable FDPM device is shown in Figure 4 [ 37 ] . FDPM instrumentation and theoretical background have been described in detail elsewhere ( Fishkin et al. [ 41 ] ; Chance et al. [ 35 ] ) . Briefly, modulation is swept from 300 kHz to 1 GHz in less than 1 second, providing rapid, multi -wavelength ( $670 to 960 nm ) characterization of most tissues in a single measurement. The instrument is compact and can easily be transported to operating rooms and bedridden patients. By incorporating several NIR laser diodes, a number of wavelength -dependent physiological parameters are determined. Source modulation frequencies typically range from 300 kHz to 1 GHz, with FDPM data recorded in 5 MHz increments.
The core component of the FDPM apparatus is a network analyzer ( Hewlett Packard, model 8753C ) , which is used to produce modulation swept from 300 kHz to 1 GHz ( 20 dB m RF output ) . RF from the network analyzer is serially superimposed ( via the AC switch ) on the direct current of up to eight different diode lasers ( e.g., SDL, Inc. models 7421, 5420, 5421, and 6321 at 674, 811, 849, and 956 nm, respectively ) using individual bias -tees ( model 5575A, Picosecond Pulse Labs ) and an RF switch ( model 8768K, Hewlett Packard ) . One -hundred -micrometer -diameter gradient -index fibers are used to couple each light source to an 8Â8 optical multiplexer ( model GP700, DiCon Instruments ) . The 8Â8 optical multiplexer allows for up to eight different diode laser light sources and eight different optical fiber positions.
Light is launched onto the tissue ( or test object ) using the above-mentioned unique wavelengths and one source fiber.
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An avalanche photodiode ( APD, Hamamatsu, model C5658 ) is used to detect the diffuse optical signal that propagates through the biological tissue. Both the APD and probe end of the source optical fiber are in direct contact with the patient ( i.e., a``semi -infinite medium'' measurement geometry ) . The optical power coupled into the tissue averages approximately 10 to 30 mW. Measurement time depends on the precision required, the number of sweeps performed, and RF / optical switch times. For human subject studies, approximately 0.1 second is used to sweep over the entire 1 GHz band of modulation frequencies. However, total elapsed time for four diodes ( typically 12 to 16 sweeps / diode ) , data transfer, display, and source switching is approximately 40 seconds. Most components, including the network analyzer, RF / optical switches, diode power supplies and temperature of diode mounts are controlled by computer using virtual instrument software ( LabView, National Instruments ) .
As shown schematically in Figure 5 , phase and amplitude data ( represented by phi and A, respectively ) obtained from frequency -dependent FDPM tissue measurements are fit to theoretical model functions. This results in calculation of the optical absorption coefficient, a , and the reduced scattering coefficient, s H , at a given and source ± detector separation . Minimization of the 2 surface is achieved for simultaneous, error -weighted fitting of the phi and A versus frequency data using a MarquardtLevenberg algorithm. Typical a , and s H uncertainties, determined from the 2 distribution of phase and amplitude fits, range from 0.5% to 5% of the mean value. When optical properties ( s H and a ) are recovered for various source wavelengths, the spectral dependence of absorption can be combined with known values of molecular extinction coefficients to calculate physiologically relevant parameters, such as oxygenated, deoxygenated, and total hemoglobin concentration; oxygen saturation; drug concentration; blood volume fraction; and water concentration. The spectral dependence of scattering is used to provide insight into the mean density and size of scattering structures.
Application to Solid Tumor Characterization
The sensitivity of optical properties to tissue structure and function suggests that differences between normal and diseased tissues may provide a means for assessing the probability that processes such as malignant transformation, inflammation, or infection are occurring. Indeed, previous studies have shown unique scattering and / or absorption signatures associated with dysplastic [ 25, 38, 39 ] , malignant [ 41 ] and benign [ 45 ] tissue transformations. Characterization of solid tumors in thick tissues poses unique challenges. These structures are typically found embedded beneath epithelial layers and require methods capable of probing deep tissue structure and function. Because of multiple light scattering, spatial resolution using`d iffuse methods'' is intrinsically rather poor, on the order of 1 to 5 mm [ 40 ] . Nevertheless, imposing temporal resolution can confine the photon interrogation volume to specific regions ( see Figure 3 ) and improve sensitivity to buried tumors. This is achieved by examining the temporal point spread function of a short light pulse, as illustrated in Figure 3 , or by measuring the phase and amplitude of photon density waves, as illustrated in Figure 5 . By measuring phi and A at multiple modulation frequencies ( ! ) , information that is comparable to recording the temporal profile of the diffusely propagating pulse is obtained. When these data are recorded at multiple wavelengths ( ) , FDPM becomes a quantitative spectroscopic technique.
Structural components that contribute to FDPM signals in thick tissues are shown in Figure 6A . The appearance and progression of tumors alter the fractional contribution of cells, extracellular matrix, and vasculature to the absorption and scattering spectra. In addition, spatial variations in optical properties may be evident for poorly differentiated tumor versus well -differentiated normal tissues. This is due to the fact that, with disease progression, there is typically an increase in tumor cell density, nuclear volume fraction, and stromal / inflammatory cells. Extracellular matrix degrades with increasing tumor invasion, and neovasculature is recruited, forming a tortuous, leaky network complete with flow anomolies. These alterations in tissue architecture affect both the absolute value and wavelength dependence of the reduced scattering parameter. From a molecular perspective, we assume that the chromophores contributing to a at a given NIR wavelength are principally oxy -and deoxy -hemoglobin, water, and fat. The total absorption measured at a given wavelength is a linear sum of each. Thus, in order to achieve optimal sensitivity, it is desirable to illuminate the tissue with light source wavelengths that correspond to high -contrast absorption features. For example, in Figure  6B , fractional spectral contributions are shown for physiological concentrations of principal components in a typical breast tissue: deoxy -and oxy -hemoglobin, fat, and water. Sources at about 670, 810, 920, and 960 nm are most sensitive to each. In order to calculate tissue concentrations, a measurements at a minimum of four different wavelengths are combined with known values of molecular extinction coefficients [ 41 ] . Due to the metabolic demands of rapidly proliferating tumor cells and increased tumor vasculature, these biochemical constituents can vary substantially in relative abundance for normal versus diseased tissue. 
Breast Measurements: Results and Discussion
The relative impact of these physiological features on photon migration can be determined by examining normal breast tissue optical properties ( see Ref. [ 42 ] for a description of breast tissue optics ) . Figure 7 shows results of FDPM measurements obtained from two pre -menopausal and two post -menopausal subjects ( 27, 29 and 63, 67 years old, respectively ) . Data were collected from the right upper outer quadrants of each subject while in a reclining position. The probe was applied with gentle pressure ( i.e., no external compression ) using a source ± detector separation of 2.5 cm.
Pre -and post -menopausal normal breasts exhibit clear wavelength -dependent differences in both absorption and scattering parameters. Figure 7B shows that scattering is approximately 20% greater in pre -menopausal ( s H $0.8 to 1.1 mm À 1 ) versus post -menopausal women ( s H $0.6 to 0.7 mm À 1 ) . In addition, the wavelength dependence of scattering is steeper for pre -versus post -menopausal subjects. These findings are consistent with known changes in breast physiology. Breast tissue, while under hormonal control, has higher glandular / cellular content and collagen is required in the extracellular matrix in order to support the structural demands of cellular proliferation. After menopause, the absence of hormonal stimulation results in glandular shrinkage, collagen remodeling to fat, and diminished vasculature. Since small tissue structures such as collagen fibers and subcellular organelles are likely to be the primary contributors to tissue scattering, it is not surprising that the wavelength dependence of scattering is relatively steep for pre -menopausal subjects. In contrast, following conversion to a principally large -particle fatty matrix, a much more gradual wavelength dependence of scattering is observed. Thus, the diminished contribution of the glands and collagenous stroma leads to a clear wavelengthdependent scattering reduction. Variations in absorption can be explained in a similar manner. Absorption contrast due to enhanced perfusion is clearly detectable while breast tissue is under hormonal control. This is reflected in Figure 7A values of absorption coefficients that are consistently higher for pre -menopausal subjects. Following menopause, the absence of substantial metabolic demand leads to reduced perfusion and lower absorption values. This is well -correlated with the low blood, high fat content of post -menopausal tissue. Similar changes in optical properties have been observed by others [ 43, 44 ] .
These results demonstrate the intrinsic sensitivity of FDPM to breast tissue physiological states. In order to address the origin of photon migration signals in solid tumors, we have initiated breast tumor studies in human subjects [ 45 ] . Our goal is to carefully define the level of accuracy and precision required from our measurement techniques so that malignant lesions can be identified and resolved from normal structures with a reasonable level of confidence. The practical impact of increasing diagnostic specificity would be two -fold: 1 ) enhanced early detection of relatively small ( 0.5 to 1 cm diameter ) tumors is likely to lead to mortality improvements ( mammographic performance is highly variable in pre -menopausal subjects ) ; and 2 ) more specific characterization of benign versus malignant lesions would lead to reductions in the large number of unnecessary surgical biopsies. As a result, there is considerable room for the development of new, non -invasive optical methods for characterizing breast tissue.
In the following discussion, we present results from three individuals. Experiments were performed under the guidelines of UC Irvine IRB -approved protocol #95 -563. Patient 1 was a 67 -year -old post -menopausal subject with a single palpable mass 7.4 mm beneath the skin surface in the upper outer quadrant of the left breast. Histological examination following surgical biopsy and ultrasound revealed a 1.8Â0.9 cm ductal carcinoma in situ ( DCIS ) ( malignant tumor ) . Patient 2 was a 63-yearold post -menopausal subject with a non-palpable spiculated left breast mass. Histological examination following surgical biopsy revealed a 0.6Â0.4Â0.7 cm invasive ductal carcinoma ( malignant tumor ) . Patient 3 was a 22 -yearold, pre -menopausal subject patient with a 2Â2 cm palpable mass 3 ± 7 mm below the surface in the upper medial portion of the right breast. Surgical biopsy revealed the presence of a benign fibroadenoma. Measurements are performed on each patient by gently placing the FDPM probe on both normal and tumorcontaining breast. Data are acquired using a hand -held scanning probe placed in nine discrete locations covering a 2Â2 cm 2 grid mapping the breast surface. The probe incorporates source ± detector ( s ± d ) pairs ranging from 1 to 2.5 cm in separation. The 2.5 cm s ± d configuration is placed on the tissue with the source and detector bracketing the tumor. Tumor location, dimension, and depth are monitored immediately prior to FDPM measurements by ultrasound. Photon migration data are acquired by moving the probe in 0.5 mm increments along inferior ± superior and medial ± lateral paths. Repeat measurements immediately above tumor center are obtained at least three times. Both normal and tumor -containing breasts are studied. Each tissue location is characterized in terms of wavelength -dependent absorption and scattering parameters which, in turn, are used to calculate physiological properties. Sequential scans of the same location following probe removal and replacement revealed no significant variations in optical properties. Normal tissue measurements are acquired in the same manner from a symmetric site on the opposite, uninvolved breast. Phase and amplitude data ( represented by phi and A, respectively ) obtained from FDPM tissue measurements are compared to semi -infinite model functions to extract the optical absorption coefficient, a , and the reduced scattering coefficient, s H , at a given and source ± detector separation. Typical a and s H uncertainties, determined from the phase and amplitude fits, range from 0.5% to 5% of the mean value.
Results of 674 -nm FDPM measurements are shown for patient 1 in Figure 8 . Raw data reveal clear differences in both phase ( Figure 8A ) and amplitude ( Figure 8B ) for normal and tumor sites. Solid lines are results of modelfits data demonstrating good agreement between measurements and the photon migration theoretical model. Only 10% of the actual data points is shown in each figure for clarity.
Optical properties calculated from each scan position are compared to mean values obtained from 11 discrete locations on the normal side. Figure 9A presents the ratio of absorption coefficients ( tumor / normal ) acquired in medial ± lateral and superior ± inferior scans at 674 nm. Contrast of approximately three -fold is observed for tumor versus normal sites when the probe is placed just 5 mm lateral of the tumor center. A clearly discernable tumor shape is apparent in this horizontal scan direction. Reduced tumor / normal absorption contrast is observed in the superior ± inferior scan, most probably due to differences in tumor orientation along this axis.
Wavelength -dependent optical properties acquired from the peak contrast location ( 5 mm lateral, medial ± lateral axis ) are displayed in Figure 9B . Absolute tumor a Regardless of wavelength, tumor absorption is consistently on the order of 2 -to 3.5 -fold greater than normal tissue. This is due to the enhanced tumor versus normal blood supply ( perfusion ) and higher hemoglobin content. Tumor and normal tissue absorption spectra also have different shapes. The slope between 674 and 803 nm features is negative for tumor, positive for normal tissue. The significance of this is related to the increased contribution of de -oxyhemoglobin to light absorption in spectral regions that are shorter in wavelength than the $800 nm isosbestic point ( i.e., the point of equivalent absorption efficiency for both oxy -and deoxy -hemoglobin forms ) . Physiologic differences between tumor and normal tissue are further amplified by calculations of water and blood content. The concentrations of water, deoxy -, oxy -, and total hemoglobin in DCIS and normal breast are determined from known extinction coefficients and Figure 9B [ 46, 47 ] .
Tissue water concentration is also displayed in Figure  10A . It is difficult to confirm the accuracy of these values since they are based on pure water extinction coefficients ( as opposed to protein -bound forms ) at 258C and our calculations do not take into account the contribution of fat to the 956 nm signal. Nevertheless, results fall within the 11.4% to 30.5% range given in the literature for percentage water in human fatty adipose tissue [ 48 ] . In addition, tumors develop high interstitial fluid pressure due to lack of lymphatic drainage. Thus, increased fluid retention, blood content, and cellularity are likely to be the cause of the slightly elevated tumor water percentage observed in this patient ( 20% vs. 15% ) .
Despite these clear biochemical differences, it is not yet known whether malignant tumors can be distinguished from benign lesions using this technology. In fact, it is our experience that both malignant and benign tumors generally display elevated hemoglobin and reduced Y % values. Although these observations are for a limited number of patients, it is likely that additional diagnostic specificity is required. This can be provided by examining spatial variations in the tissue -scattering parameter, s H . As illustrated schematically in Figure 8 , normal well -differentiated tissue is composed of distinct structural / functional domains. The appearance of disease perturbs this intrinsic organization, resulting in a gradual loss of structural heterogeneity. Ultimately, the growth of an invasive tumor will lead to a chaotic, poorly differentiated environment.
The precise relationship between disease progression stage and photon migration -scattering signature is poorly understood. In order to explore this more carefully, we have mapped tumor optical properties from three patients with benign, malignant invasive, and malignant in situ breast disease. As described above, data are acquired from at least 11 measurements ( nine discrete locations in 5 mm increments ) using a 2Â2 cm 2 scanning pattern on the breast surface. Absorption and scattering coefficients are computed and mean standard deviation ( SD ) values calculated for all measurements of normal and tumorcontaining sites. The relative standard deviation ( RSD ) of optical properties obtained from tumor and normal sites is expressed in the usual manner, RSD = 100Â (SD/ mean ) . Figure 10B shows the ratio of s H RSD values for normal / tumor tissues at each measurement wavelength. A RSD ratio of 1 implies that tumor and normal tissue have equivalent structural variation. Interestingly, in the case of invasive cancer, the normal / tumor RSD is consistently greater than 1 for all wavelengths. This suggests greater scattering spatial heterogeneity in the well -differentiated normal tissue than in the lesion. These observations are consistent with the idea that disease progression leads to loss of differentiation, and that differentiation provides the fundamental origin for spatially varying scattering signals. RSD ratios of about 0.5 and less are consistently observed with malignant DCIS and benign fibroadenomas. In the case of the fibroadenoma, this is likely due to enhanced structural variation ( versus normal tissue ) introduced by well -defined zones of dense collagen fiber synthesis and glandular shrinkage. DCIS appears to be midway between these two extremes, possibly due to the absence of invasion and general preservation / stimulation of extracellular matrix. These data further confirm the sensitivity of FDPM to the cell and matrix alterations seen in Figure 7 . However, by measuring spatially varying properties, the perturbative effect tumors have on normal tissue architecture is detected with enhanced sensitivity.
Conclusions
FDPM is a non -invasive optical technique that utilizes NIR light to monitor physiology in bulk tissues. Optical properties derived from FDPM measurements can be used to construct low -resolution functional maps and, consequently, provide a relatively low -cost adjunct to many conventional diagnostic tools. Substantial work remains to accurately describe heterogeneous tissues that vary in geometry, structure, and composition. Despite these limitations, several unique applications of photon migration measurements are currently underway, particularly in solid tumor characterization. Preliminary studies show that unique breast tumor optical signatures are, in fact, detectable in human subjects. Changes in blood flow, oxygen consumption, and tissue structure ( cellular and matrix ) can be measured quantitatively. Most importantly, these signals appear to reflect fundamental physiological processes associated with malignancy, disease progression, age and menopausal status. Because many attributes related to the origin, progression, and therapeutic response of breast cancer are common to other types of tumors, we expect continued optical technology development will have a broad impact on optical diagnosis and therapy.
